We developed and validated a fully articulated model of the thoracolumbar spine in OPENSIM that includes the individual vertebrae, ribs, and sternum. To ensure trunk muscles in the model accurately represent muscles in vivo, we used a novel approach to adjust muscle cross-sectional area (CSA) and position using computed tomography (CT) scans of the trunk sampled from a community-based cohort. Model predictions of vertebral compressive loading and trunk muscle tension were highly correlated to previous in vivo measures of intradiscal pressure (IDP), vertebral loading from telemeterized implants and trunk muscle myoelectric activity recorded by electromyography (EMG).
Introduction
Musculoskeletal models of the human body are now widely used to gain insight into normal human movement, pathologic conditions, and the effects of surgical or rehabilitative treatments [1] . These models allow the determination of the forces on muscles, bones, and joints that are generally not measurable in vivo. However, whereas the extremities, cervical spine, and lumbar spine have been the subjects of significant musculoskeletal modeling efforts, the thorax has not. Prior musculoskeletal models have incorporated the thorax as a single rigid segment [2] , have neglected the mechanical contribution of the ribs and sternum [2] [3] [4] [5] , or have lacked an anatomically realistic model of the rib cage [6] , making them unsuitable for predicting thoracic skeletal and muscular loading. A few prior models included an articulated thoracic spine, but not the rib cage or the detailed thoracic musculature [3, 5, [7] [8] [9] . In addition, these prior models were not validated against in vivo measures of spine and trunk muscle loading, and were only used to assess vertebral loading during a neutral standing posture. Other computational models of the thorax have utilized finite element analysis, focusing on thorax deformation and predicting injury tolerances in motor vehicle accidents [10] . However, these models do not include muscular anatomy and therefore are also not suitable for studying the in vivo thoracic skeletal loads that occur during normal daily activities. A detailed, fully articulated, musculoskeletal model of the thoracolumbar spine and rib cage would allow prediction of the in vivo skeletal and muscular loads that occur in the thorax during different activities and facilitate investigations into the biomechanical mechanisms underlying, and potential treatments for, multiple thoracic diseases and conditions, including vertebral fractures, hyperkyphosis, scoliosis, respiratory insufficiency, and back pain.
Musculoskeletal models typically rely on detailed cadaver dissections or anatomical descriptions to determine muscle position and architectural parameters [2, [11] [12] [13] . Although this type of data is necessary for creating detailed models that account for a muscle group's individual fascicles and many attachments, the resulting models are generic and reflect input parameters from a small and potentially heterogeneous sample. Further, muscle areas and positions derived from cadavers may not be representative of muscle anatomy in vivo, due to the effects of preserving medium and dehydration [14] . Muscle anatomy assessed in vivo using medical imaging such as CT or magnetic resonance imaging (MRI) could be used in combination with detailed cadaver studies to create musculoskeletal models that are more physiologically relevant. Further, the use of clinical imaging data could allow construction of models that are tailored to specific populations or individuals depending on the research or clinical objective.
Therefore, the objectives of this study were to develop and validate an anatomically detailed musculoskeletal model of the spine, including the lumbar and thoracic vertebrae, ribs, and sternum, which accurately predicts lumbar and thoracic vertebral loading during different activities. In developing the model, we employed a novel approach that used CT scans of the trunk from subjects sampled from a community-based cohort to adjust the CSA and position of the trunk muscles in the model. To validate the accuracy of the model, we compared vertebral loading and trunk muscle tension predicted by the model to previously collected in vivo 1 measurements of IDP, vertebral compression from telemeterized implants, and trunk muscle myoelectric activity from EMG.
Methods

Definition of Skeletal Anatomy and Joints in the
Model. We created a model of the full thoracolumbar spine and rib cage using OPENSIM musculoskeletal modeling software [1] . The skeletal anatomy was based on CT scans of a 25-year-old male (obtained from the OPENSIM geometry file library), 50th percentile for height and weight (height ¼ 175 cm and weight ¼ 78 kg). The positions and orientations of the vertebral bodies, defining the curvature of the spine, were based on average measurements available in the literature with thoracic kyphosis (T1-T12 Cobb angle) set to 50 deg and lumbar lordosis (L1-L5 Cobb angle) set to À43 deg [15, 16] . The size and shape of the ribs and sternum were based on published morphometric equations that describe the position of three to five major landmarks on each rib [17] . Cubic splines were fit to these landmarks to model the shape of each individual rib. Point to point actuators were placed between the ends of the ribs and the sternum (ribs 1-7) or between the ends of adjacent ribs (ribs 8-10) to represent forces transmitted by costal cartilage. The actuators generate a compressive or tensile force along their length, and these forces are determined as part of the same static optimization routine that computes muscle forces in the model (described later). The optimal force of these actuators was set to a high value (1000 N) so that optimization would favor loading of the actuators over the muscles, allowing the costal cartilage to supply as much supporting force as possible to the ends of the ribs. The value of 1000 N for the costal cartilage actuators was chosen based on the results of a sensitivity analysis (described in Sec. 2.4).
The arms, head, and neck were incorporated from other previously published and freely available OPENSIM models (Vasavada neck model [13] and Stanford VA Upper Extremity model [18] ). The upper extremity model includes shoulder, elbow, wrist, and radioulnar joints, allowing us to simulate physiologic movement of the upper extremities during different activities, such as lifting and carrying objects. The head and neck were adapted into a single lumped body connected to T1 via a ball joint (three rotational degrees-of-freedom). The intervertebral joints (L5/S1 to T1/T2) were modeled as ball joints with a center of rotation placed at the geometric center of the intervertebral disk, allowing for segmental movement of the thoracic and lumbar spine in three dimensions. The hip joint, connecting the pelvis to the ground, was modeled as a pin joint (one rotational degree-of-freedom) allowing for anterior and posterior tilting of the pelvis.
For each type of trunk movement (flexion/extension, lateral bending, and axial rotation), prior studies were used to determine the percentage of total motion that occurs at the pelvis and the individual lumbar and thoracic intervertebral joints. For trunk flexion/ extension, the ratio of lumbar flexion to pelvic flexion (lumbopelvic ratio) was computed as a function of total trunk flexion, ranging from approximately 2.5 at the beginning of trunk flexion to 1.0 at end range of motion (Supplemental Table 1 available under "Supplemental Data" tab for this paper on the ASME Digital Collection) [19] . The lumbar and thoracic regions were set to contribute approximately equally to the spine component of trunk flexion (51% lumbar and 49% thoracic) [20, 21] . For lateral bending, the lumbar and thoracic spines were set to contribute 27% and 73% of total trunk movement, respectively [20, 22, 23] . For axial rotation, the lumbar and thoracic spines were set to contribute 17% and 83% of total trunk movement, respectively [24, 25] . The distribution of movement at each intervertebral joint is presented in Supplemental Table 2 (available under "Supplemental Data" tab for this paper on the ASME Digital Collection).
The costovertebral joints connecting the ribs to the thoracic vertebrae (T1-T12 on the left and right sides) were modeled as pin joints [26, 27] , allowing for the physiologic motion of the ribs during ventilation [28] and the proper transmission of forces between ribs and the thoracic spine during activities. Each rib rotates about its own cervical axis, which is a vector pointing between the costovertebral and costotransverse joints [26, 27] . The positions of these joints on the thoracic vertebral bodies were estimated using data from Schultz et al. [29, 30] , and used to set the positions and orientations of the costovertebral joints in the model (Supplemental Table 3 available under "Supplemental Data" tab for this paper on the ASME Digital Collection).
The mass and center of mass positions of body segments in the model were based on published anthropometric ratios [31] [32] [33] . The mass of the trunk was partitioned among the vertebral bodies and sacrum, with the mass of each trunk slice and its anterior offset relative to the vertebral body determined from prior cadaver studies [31] [32] [33] . The lumped head and neck body was assigned a single mass [31] . The ribs, sternum, clavicles, and scapulae were each assigned an arbitrarily low mass of 0.0001 kg. The mass properties of the humeri, radii, ulnae, and hands from the Stanford VA Upper Extremity model [18] were maintained, since these corresponded to a 50th percentile 25-year-old male.
Model Muscle Anatomy.
Muscles that attach to the spine and thorax were incorporated from previously published OPENSIM models ( Fig. 1 and Table 1 ) [2, 13, 18] . As opposed to attaching to a single rigid thorax body, these muscles were edited to attach to the individual thoracic vertebral bodies, ribs, clavicles, scapulae, and sternum. The major lumbar spine and abdominal muscle groups were incorporated from the Christophy lumbar spine model [2, 34] , and muscles attaching to the upper and mid-thorax were adapted from the Vasavada cervical spine model [13] and the Stanford VA upper extremity model [18] . Additional muscle groups were then added, including the external and internal intercostals, the thoracic multifidus, the lower portion of the trapezius, the serratus anterior [35, 36] , and the transversus abdominis [37] . Each muscle group is represented by multiple fascicles crossing one or more joints, and each fascicle is represented by a Hill-Type model that modulates force generating potential due to changes in muscle fiber length and velocity [38] . Muscle architectural Table 1 Muscle groups incorporated into the model. Muscle fascicles from previously published OPENSIM models attached to a single rigid thorax, so these muscles were updated to attach to individual thoracic vertebral bodies, ribs, and the sternum in the new model.
parameters (physiological CSA, pennation angle, optimal fiber length, and tendon slack length) for muscles incorporated from previous OPENSIM models, as well as for the muscles we added, were based on prior literature studies or estimated (Supplemental Table 4 available under "Supplemental Data" tab for this paper on the ASME Digital Collection) lists all muscle architectural parameters used in the model, including their source and how they were calculated or estimated). The maximum isometric force a muscle can generate is equal to its physiologic CSA (PCSA) multiplied by a constant maximum muscle stress (MMS) [14] . We used a MMS of 100 N/cm 2 for all muscles except the shoulder muscle groups, which were set to 140 N/cm 2 [18] . We performed a sensitivity study to justify our selection of MMS, described in Sec. 2. 4 .
Because more precise data were lacking, the PCSA of the external and internal intercostals were estimated using rib lengths (approximately between the rib tubercles posteriorly and the ends of the bony ribs anteriorly) multiplied by 5 mm, the estimated thickness of the external and internal intercostal muscle sheets together (2.5 mm thickness for each sheet). The external intercostals were set to form angles of approximately 40 deg relative to the superior ribs and the internal intercostals were set to form angles of approximately 120 deg relative to the inferior ribs [39, 40] . Optimal fiber lengths were computed as the distance between attachment points on adjacent ribs, and pennation angles and tendon slack lengths were assumed to be 0 deg and 0.1 mm, respectively. Muscle architectural parameters for the thoracic multifidus and the lower trapezius were estimated from the cervical [13] and lumbar multifidus [2] and the upper trapezius, respectively [12, 13] .
2.3 Adjustment of Muscle CSA and Position Using In Vivo CT Measurements. The CSA and position of the muscles in this and other models are derived from multiple sources, mostly consisting of dissection studies using a small, heterogeneous group of cadavers [2, [11] [12] [13] . Thus, to ensure physiologic size and position we used previously collected CT-based measurements of trunk muscle CSA and position performed in a sample of participants from the community-based Framingham Heart Study Offspring and Third Generation Multidetector CT Study [41] to adjust muscle CSA and position in the model. Specifically, we previously measured the CSA and position (medial-lateral (ML) and anterior-posterior (AP) moment arms with respect to the vertebra) of several major trunk muscle groups (rectus abdominis, latissimus dorsi, trapezius, external oblique, internal oblique, erector spinae, mutlifidus, psoas major, quadratus lumborum, serratus anterior, and pectoralis major) in 51 men (mean age ¼ 59.4, Ht ¼ 177.6 cm, Wt ¼ 86.3 kg) [42] . Measurements were made at the mid-plane of each vertebral body between T6 and L5. In our spine model, each muscle group consists of multiple fascicles. To facilitate the comparison and then adjustment of our model to the CT cohort data, we calculated an equivalent muscle group CSA and position at each vertebral mid-plane in the model (Fig. 2) . To do so, for each muscle group at each vertebral mid-plane in the model, we summed the CSAs of the individual fascicles crossing the vertebral mid-plane to compute an equivalent muscle group CSA at that level. Similarly, we computed the centroid of the fascicles crossing the vertebral mid-plane to find the AP and ML moment arms of the muscle group relative to the vertebral Table 2 RMSE values for the pre-adjusted and adjusted models versus the cohort CT measurements of muscle morphology. CSA was scaled for all nine muscle groups, but AP moment arms and ML moment arms were only scaled for rectus abdominis, trapezius, erector spinae, and multifidus. The adjusted model has lower RMSE values for the scaled muscle parameters. centroid. Figure 2 illustrates this process by showing how trapezius group CSA and position at T9 were calculated from the model. We adjusted the CSA of nine muscle groups (rectus abdominis, latissimus dorsi, trapezius, external oblique, internal oblique, erector spinae, mutlifidus, psoas major, and quadratus lumborum) between T6 and L5 in the model to match the average CSA measurements from men in our CT cohort (Table 2) . We were unable to adjust CSA of the serratus anterior and the pectoralis major because these fascicles were primarily oriented parallel to the transverse plane in the model, whereas our muscle measurements were made within the transverse plane. We then adjusted the AP and ML moment arms of erector spinae, multifidus, rectus abdominis, and trapezius to match the average male AP and ML moment arm measurements from our CT cohort. The moment arms of the other muscle groups in the model were generally within two standard deviations of the measured moment arms, and therefore did not require adjustment.
To adjust the CSA of a muscle group in the model, we multiplied fascicle CSA by the ratio of measured muscle group CSA to model muscle group CSA at each vertebral level where the muscle was present, and then averaged across vertebral levels to compute an adjusted fascicle CSA. The following equation describes the adjustment process for each muscle fascicle in a muscle group:
CSA model fas;i CSA measured gr;i CSA model gr;i !
where CSA measured_gr is the average CSA of the equivalent muscle group from CT measurements, CSA model_gr is the pre-adjusted CSA of the muscle group in the model, CSA model_fas is the pre-adjusted CSA of the fascicle, CSA adjusted_fas is the adjusted fascicle CSA, and L is the vertebral levels where the muscle was measured. The adjusted CSAs of the fascicles were then used to calculate adjusted equivalent muscle group areas in the model, following the same method outlined in Fig. 2 .
To adjust the AP and ML moment arms of a muscle group, we calculated the difference between CT-measured and model equivalent AP and ML moment arms at each vertebral level where the muscle was measured, and used linear interpolation to estimate this difference in the regions between measurements. The attachment points of individual fascicles were then automatically moved this amount within the transverse plane to reduce the difference between the model and the measured data. To evaluate the effectiveness of our CSA and moment arm adjustments, we computed root mean square errors (RMSE) for both the pre-adjusted and the adjusted models versus the measured cohort CT data.
Sensitivity Studies.
We performed four analyses to assess the sensitivity of our model to key assumptions. First, we characterized the effect of MMS on vertebral compressive loading. A wide range of values (approximately 20-140 N/cm 2 ) has been reported in the literature for MMS [18, 43] . A value of 46 N/cm 2 is often used in spine models for muscles of the trunk [11] , derived by computing the MMS that would allow the extension strength of a lumbar spine model to best match average L5-level trunk extensor moments measured in a different study. Given the uncertainty in this parameter, we varied MMS between 20 and 140 N/cm 2 (in increments of 10). Another source of uncertainty is the PCSA of the internal and external intercostals, so we varied this parameter from 25% to 175% (in increments of 25%) of its baseline value. In another analysis, we tested the sensitivity of our model's vertebral compressive loading predictions to the optimal force of the costal cartilage actuators, which we varied from 0 N (equivalent to no actuators present) to 1000 N in 100 N increments (results are reported in Supplemental Fig. 1 available under "Supplemental Data" figure for this paper on the ASME Digital Collection). Finally, we tested the sensitivity of our model's vertebral compressive loading predictions to the locations of the intervertebral joints. The instantaneous axes of rotation (IAR) of the intervertebral joints vary substantially between individuals, vertebral levels, and with disk health, and for simplicity we located the IAR at the geometric center of each disk. To assess the impact of this assumption on vertebral compressive loading predictions, we compared loading estimates from our baseline model to those from a model in which the lumbar intervertebral joints were shifted posterior and inferior to match the IARs reported by Pearcy and colleagues (results are reported in Supplemental Fig. 2 available under "Supplemental Data" tab for this paper on the ASME Digital Collection) [44] .
Validation of Vertebral Compressive Loading and
Muscle Force Predictions. To evaluate the accuracy of vertebral loading and muscle force predictions from the model, we simulated a variety of activities for which prior studies have acquired in vivo measures of IDP, vertebral implant loads, or myoelectric activity of trunk muscles. A list of these validation studies with the activities they investigated, the characteristics of the study participants, and the primary measurements made is found in Table 3 [45] [46] [47] [48] [49] [50] [51] . For each validation study we created a version of our spine model that was scaled to the average height and weight of the study participants, and we estimated muscle group CSA and AP and ML moment arms from previously published regressions [42] using the average age, sex, height, and weight of the study participants. We then adjusted the CSA and moment arms in the model to match the CSA and moment arms predicted by regression using our muscle adjustment algorithm (Sec. 2.3). These spine models were used to simulate the static, isometric activities performed in the validation studies so that the model predictions could be correlated with the measured data. For each activity, muscle forces that satisfy static equilibrium were computed using an optimization routine that minimizes the sum of cubed muscle activations, which is equivalent to maximizing muscle endurance [52, 53] .
To compare vertebral compressive loads predicted by the model to measured IDP, we converted vertebral compressive loading Fig. 2 Method for calculating muscle group CSA and moment arm in the model at different transverse planes, facilitating comparisons to muscle group CSA and moment arm made on axial CT images. The example above shows the calculation of trapezius CSA and moment arm at the T9 midvertebral plane in the model (a), which we would like to compare to measurements of trapezius CSA and moment arm made on axial CT at the T9 midplane (b). The four trapezius fascicles in the model that cross the T9 midplane are schematically shown in (c), where they are plotted relative to the T9 vertebral body centroid. The size of the circles is equal to the CSA of the individual fascicles, and these areas are summed to get trapezius CSA at T9. The centroid of the fascicles is then calculated and used to find the ML and AP moment arms of the muscle group relative to the vertebral centroid.
from the model to an estimated IDP using vertebral body CSA and a previously published correction factor
where F C is the compressive load in the axial direction of the vertebral body predicted by our model, CSA Vert is the CSA of the vertebral body, and 0.66 is a correction factor for translating between IDP and compressive loading [54] [55] [56] . Although the correction factor has only been computed for lumbar intervertebral disks, we also used this same correction factor to estimate IDP in the thoracic spine, because no study that we are aware of has determined a thoracic-specific correction factor. CSA Vert was measured in three of the studies reporting lumbar IDP [47, 49, 50] , and a value of 18 cm 2 , reported by Wilke et al. [50] , was used for the lumbar IDP studies that did not measure CSA Vert [45, 48] . For thoracic levels, we measured CSA Vert in our own CT scans of subjects that closely matched the study participants in sex, age, height, and weight. Vertebral loads recorded from telemeterized vertebral body implants were reported as a percentage of neutral standing load [51] , so vertebral loads predicted by the model were also presented this way for comparison.
Measured myoelectric activity for the erector spinae was correlated with erector spinae tension predicted by the model. The tensions of the erector spinae fascicles closest to the reported electrode locations were summed for comparisons to these validation studies. For instance, Andersson et al. [45] measured myoelectric activity to the left and right of T4, so only the erector spinae fascicles crossing the T4 vertebral level were included in the comparison. Table 3 Studies used for validation of the model. For each study, the average age, height, and weight of the study participants was used to scale the model size, mass, and muscle CSA and moment arms, and the model was then used to simulate the listed isometric activities. Measured IDP, vertebral implant loads, and trunk muscle myoelectric activity (EMG) were compared to vertebral loading and trunk muscle tension predicted by the model. For studies with N > 1, we list the mean body mass and height, and the range of ages for the study subjects. BM 5 body mass and HT 5 height. 3.1 Adjustment of Muscle CSA and Position. The adjustment process significantly reduced the difference between muscle CSA and moment arm measured in our CT cohort and muscle CSA and moment arm in our adjusted model, as assessed by RMSE (Table 2). For example, the CSA and AP and ML moment arms of the erector spinae group in the model were generally adjusted to be within one standard deviation of the measured data (Fig. 3) .
Sensitivity Studies.
We found that the model was unable to satisfy equilibrium even for low intensity activities, such as 30 deg trunk flexion and 20 deg trunk lateral bending, for MMS values below 40 N/cm 2 . For higher intensity activities, such as 30 deg trunk flexion with 10 kg weights in each hand and upright standing while holding 10 kg weights in each hand and elbows flexed 90 deg, the model was unable to satisfy equilibrium for MMS values below 60 N/cm 2 . To ensure that our model muscle strength was strong enough to satisfy equilibrium for all of the activities in the validation studies, we chose to set MMS at 100 N/cm 2 , which is at the higher end of the range of measured values [43] . For the shoulder muscle groups, we retained the value of 140 N/cm 2 used by Holzbaur et al. [18] . For values of MMS for which the model was able to satisfy equilibrium, there were very small differences in vertebral loading for increasing values of MMS. For instance, the differences in vertebral compressive loading for MMS values between 60 N/cm 2 and 100 N/cm 2 were less than 1.5% for vertebral levels below T7, less than 6% for levels T3-T7, and less than 13% at T1 and T2.
Varying the PCSA of the intercostals had a minimal effect on vertebral compressive loading in the lumbar spine, but a larger effect in the thoracic spine. For 30 deg trunk flexion, using 25% of the baseline PCSA caused vertebral loading to increase by 2-7% for vertebrae in the upper thoracic spine, and decrease by up to 5% for vertebrae in the mid-to lower-thoracic spine. Using 175% of the baseline PCSA caused vertebral loading to decrease by 2-10% for vertebrae in the upper thoracic spine and increase by up to 4% for vertebrae in the mid-to lower-thoracic spine. For upright standing while holding 10 kg weights in each hand and elbows flexed 90 deg, using 25% of the baseline PCSA caused vertebral loading to increase by up to 39% between T1 and T12, and using 175% of the baseline PCSA caused vertebral loading to decrease by 1-18% between T1 and T12.
Validation Studies.
Vertebral compressive loading estimates from the lumbar and thoracic regions of the model were strongly correlated to previously reported IDP measurements for a variety of sagittally symmetric and asymmetric activities (r ¼ 0.91 for lumbar and r ¼ 0.87 for thoracic loading, Fig. 4) . The slopes and intercepts of the linear trend lines relating measured IDP to model IDP were not significantly different than one and zero, respectively (95% confidence intervals for the slopes were 0.767-1.096 for lumbar loading and 0.989-1.966 for thoracic loading, and 95% confidence intervals for the intercepts were À0.205 to 0.147 for lumbar loading and À1.178 to 0.178 for thoracic loading). However, the model slightly under predicted the magnitude of lumbar loading and over predicted the magnitude of thoracic loading for certain activities. L1 vertebral compressive loading predicted by the model was highly correlated with the loads recorded from telemeterized L1 vertebral body implants from two patients for a variety of activities (r ¼ 0.88, Fig. 5 ), except for extension in which the model predictions of compressive load exceeded the recorded measurements. The slope and intercept of the linear trend line were not significantly different than one and zero, respectively (95% confidence interval for the slope was 0.302-1.044 and 95% confidence interval for the intercept was À4.312 to 101.634).
Finally, erector spinae muscle tension predicted by the model was highly correlated with measured myoelectric activity in both the lumbar and thoracic regions of the spine, with correlation coefficients of r ¼ 0.98, r ¼ 0.98, and r ¼ 0.91 at T4, L3, and L1-L5, respectively (Fig. 6 ).
Discussion
We created a fully articulated model of the thoracic and lumbar spine that included the individual vertebrae, ribs, sternum, and the major trunk muscle groups. The model can simulate daily activities in a quasi-static fashion, with muscle forces being solved via an optimization routine that minimizes the sum of cubed muscle activations, which is equivalent to maximizing muscle endurance. The unique features of this model are the detailed anatomy of the Fig. 3 Muscle anatomy for the baseline model (pre-adjusted model) was derived from prior cadaver studies and anatomical descriptions. We generated a new model with muscle group CSA and position scaled to match average in vivo values of muscle CSA and position that were measured on CT scans in a sample of older males (cohort CT measurements) at the vertebral midslices of T6-L5 for several major muscle groups. (a)-(c) The improvement in CSA, AP moment arm, and ML moment arm for the erector spinae muscle group in the adjusted versus pre-adjusted model. The error bars are 61 standard deviations of the measured data. rib cage, including the associated musculature, and the ability to compute thoracic as well as lumbar vertebral loading. Moreover, the ribs can move relative to the thoracic vertebral bodies in a realistic fashion via the costovertebral pin joints, and the thoracic and lumbar vertebral bodies can move relative to each other via intervertebral ball joints, allowing for realistic spine motion. The costal cartilages connecting the ribs to the sternum are modeled as actuators that can provide a tensile or compressive force along their length. These connections, along with the costovertebral joints and the intercostal muscles, facilitate load sharing amongst the skeletal structures comprising the thorax. Overall, our model's predictions of vertebral loading and trunk muscle tension were well correlated with measurements of IDP, loading from telemeterized implants, and trunk muscle myoelectric activity. The high correlations between model predictions and measured values imply that our model is correctly capturing the relative change in vertebral loading and muscle tension that occurs between different activities.
Our model's predictions of lumbar vertebral loading and trunk muscle tension were highly correlated (r > 0.90) to in vivo measures of IDP and myoelectric activity taken from a variety of prior studies, indicating that our model's lumbar loading estimates have an accuracy equivalent to previous models of the lumbar spine [4, 48] . A major strength of the current study was our conversion of vertebral compressive force from the model to an estimated IDP using vertebral CSA and a previously published correction factor [54] [55] [56] . This conversion process allowed us to determine how accurately our model was predicting loading magnitude. The slope and intercept of the linear trend line relating measured IDP to model estimated IDP did not differ significantly from one and zero, respectively, indicating that loading magnitudes from the model were well matched to measured disk pressure magnitudes.
Vertebral compressive loading predicted by the model at L1 closely matched in vivo measurements of L1 compressive load recorded from telemeterized implants for all activities except trunk extension (Fig. 5) [51] . The range of loading measured by Rohlmann et al. for extension was lower than the model predictions (42% versus 114% standing load). However, the precise amount of trunk extension performed in the study by Rohlmann et al. was not specified, so an initial assumption of 15 deg was used in the model. In an attempt to explain the discrepancy between the model predictions and the measured data we also simulated 5 deg and 30 deg of trunk extension, which generated vertebral compressive loads of 94% and 137% standing load, respectively, indicating that positioning effects do not explain why the in vivo load was substantially lower than the model predictions. Another possible reason for the lower measured in vivo load could be due to the fact that the patients had bisegmental spinal fixators implanted posteriorly to stabilize the spine. These fixators could offload the vertebral body implant during extended postures. Further, the facet joints have been shown to transfer compressive load during trunk extension, thereby offloading the vertebral body. The model estimates total vertebral loading, and does not differentiate between the vertebral body and the facet joints, while the measurement only includes the vertebral body. This could also be a reason for why the model predicts higher vertebral loading during trunk extension than is measured in vertebral bodies. Removing extension from the correlation analysis improved the correlation coefficient between measured and model There was only one study that measured thoracic IDP in vivo [46] , limiting our ability to fully validate the model's predictions of vertebral compressive loading in the thoracic spine. Nonetheless, thoracic vertebral loading predicted by the model generally correlated well with measured IDP from this study. In addition, thoracic erector spinae tension predicted by the model was highly correlated with measured myoelectric activity at T4. The model over-predicted thoracic IDP for a few lifting activities: 30 deg trunk flexion with weights in each hand (at the mid-and lowerthoracic spine) and standing upright with weights in each hand and elbows flexed 90 deg (at the lower thoracic spine). One possible cause for this could be the absence of intra-abdominal pressure and intrathoracic pressure from the model [4, 57, 58] . Prior studies have shown that both intra-abdominal pressure and intrathoracic pressure are elevated during heavy lifting and other strenuous activities [48, 59] , and these pressures could act to unload the thoracic and lumbar spines [58] . Although thoracic IDP was overpredicted by the model for these heavy lifting activities, lumbar IDP was not. In the future, the mechanical effects of intraabdominal pressure and intrathoracic pressure should be incorporated into the model to clarify their effects on both lumbar and thoracic spine loading.
Other mechanical factors that might influence thoracic spine loads in vivo include the stiffness of the intervertebral joint and the bending stiffness of the costal cartilage, both of which could act to change the forces and moments applied to the spine. These factors were not included in the present version of the model due to limited experimental data on the value of these properties. For instance, most in vitro studies measuring intervertebral joint stiffness have focused on only a few lumbar spinal levels. Future experimental studies measuring costal cartilage stiffness and intervertebral joint stiffness at multiple thoracic and lumbar levels is an important area of future work, as well as developing methods to incorporate these factors into musculoskeletal models.
A final source of potential error in the model's thoracic load predictions could be the pattern of intercostal muscle activation. Although the role of the external and internal intercostals is well documented during ventilation [40, 60] , the extent to which these muscles activate during daily activities and lifting is less clear. McGill and Sharratt demonstrated significant myoelectric activity of the intercostal muscles for a few activities, including a squat lift of between 72 and 91 kg [61] , providing evidence that the intercostals activate during daily activities, especially strenuous ones. Higher intercostal activation and tension could change the stiffness and load-sharing characteristics of the thorax, either increasing or decreasing the amount of load carried by the thoracic vertebrae. The current model, combined with measurements of intercostal myoelectric activity during daily activities, could be used in the future to elucidate the important nonventilation related roles of this muscle group.
A major strength of the current study was the use of in vivo muscle morphology measurements to adjust the CSA and position of several major trunk muscle groups in the model. Prior models have typically relied on detailed cadaver dissection to account for a muscle group's individual fascicles and many attachments. For instance, the erector spinae muscle group in the OPENSIM lumbar spine model [2] , which was incorporated into the current study's model, consists of 76 individual fascicles based on the detailed dissections of Bogduk et al. [11, 62] . However, the data from cadaver dissection is derived from a small, heterogeneous sample and may not be representative of a broader population. Moreover, our base musculoskeletal model was derived by combining several existing models and adding new muscle fascicles, and it was not clear whether this process would lead to a physiologically accurate and broadly representative model. Indeed, prior to adjustment, the CSA and AP and ML moment arms of the erector spinae were more than two standard deviations smaller than the averages from our measured CT cohort. After adjustment, the CSA and AP and ML moment arms in the model matched the measured data very closely (Fig. 3 and Table 2 ). In the future, medical imaging data from other regions (i.e., shoulder, upper thoracic, and cervical spines) could be used to adjust the CSA and position of muscles in these other areas to further enhance the biofidelity of the model. Moreover, this method of adjusting a musculoskeletal model to match in vivo muscle morphology measurements can be used to tailor a model to a specific research question or to an individual person. For instance, the study of vertebral fracture etiology requires a model representative of an older adult population. Other factors that vary between individuals and likely influence in vivo loads, such as spine curvature [63] [64] [65] and rib cage size and shape [17, 66, 67] , can also easily be incorporated in future versions of the model to provide an even better subject-specific model.
In conclusion, we used OPENSIM to develop an anatomically detailed, fully articulated model of the thoracic and lumbar spine that includes the individual ribs, sternum, and associated musculature. We also created a unique approach for adjusting the size and position of muscle fascicles in this model using in vivo CT measurements of muscle morphology. Comparison of vertebral loading [45] . Measured myoelectric activity was correlated with the sum of erector spinae fascicle tensions predicted by the model at the spine levels measured.
and muscle activation predictions to multiple prior reports of in vivo IDP, vertebral implant loads, and myoelectric activity demonstrated that the model accurately predicts vertebral compressive loading and trunk muscle tension for a variety of activities. Altogether, this new thoracolumbar spine model will be useful for future studies aimed at understanding the biomechanical pathology of various thoracic conditions, such as vertebral fracture and thoracic back pain.
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Nomenclature
CSA adjusted_fas ¼ adjusted cross-sectional area of a fascicle in the model CSA measured_gr ¼ average cross-sectional area of a muscle group from CT measurements CSA model_fas ¼ pre-adjusted cross-sectional area of a fascicle in the model CSA model_gr ¼ pre-adjusted cross-sectional area of a muscle group in the model CSA Vert ¼ cross-sectional area of the vertebral body F C ¼ compressive load in the axial direction of the vertebral body IDP model ¼ intradiscal pressure estimated from the model L ¼ vertebral levels where a muscle group was measured on CT
